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ABSTRACT  1 
Background 2 
Atypical femoral fractures are low-energy fractures initiating in the lateral femoral shaft. We 3 
hypothesized that atypical femoral fracture onset is associated with daily femoral strain 4 
patterns. We examined femoral shaft strains during daily activities. 5 
Methods 6 
We analyzed earlier calculations of femoral strain during walking, sitting and rising from a 7 
chair, stair ascent, stair descent, stepping up, and squatting based on anatomically consistent 8 
musculoskeletal and finite-element models from a single donor and motion recordings from a 9 
body-matched volunteer. Femoral strains in the femoral shaft were extracted for the different 10 
activities and compared. The dependency between femoral strains in the lateral shaft and 11 
kinetic parameters was studied using multi-parametric linear regression analysis. 12 
Findings 13 
Tensile strain in the lateral femoral shaft varied from 327 PH (squatting) to 2004 14 
PH(walking). Walking and stair descent imposed tensile loading on the lateral shaft, whereas 15 
the other activities mainly imposed tensile loads on the anterior shaft. The multi-parametric 16 
linear regression showed a moderately strong correlation between tensile strains in the lateral 17 
shaft and the motion kinetic (joint moments and ground reaction force) in the proximal (R2 = 18 
0.60) and the distal shaft (R2 = 0.46). 19 
Interpretation 20 
Bone regions subjected to tensile strains are associated with atypical femoral fractures. 21 
Walking is the daily activity that induces the highest tensile strain in the lateral femoral shaft. 22 
The kinetics of motion explains 46%-50% of the tensile strain variation in the lateral shaft, 23 
whereas the unexplained part is likely to be attributed to the way joint moments are 24 
decomposed into muscle forces. 25 
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1. Introduction 30 
Atypical femoral fractures (AFFs) are rare low-energy stress fractures progressing 31 
from the lateral femoral shaft to complete predominantly transverse fractures (Shane et al., 32 
2010). Approximately 25% of AFF patients die within two years, while most survivors 33 
experience permanent disabilities (Ekström et al., 2009). The increasing interest of the 34 
research community (Shane et al., 2013, 2010) in these rare femoral fractures is to be 35 
attributed to the suspected role played in AFFs by anti-resorptive therapies, most commonly 36 
and increasingly used to treat patients with osteoporosis (Dell et al., 2010). Indeed, long-term 37 
(i.e., ~ 3 years and above) anti-resorptive therapy may affect bone repair and its mechanical 38 
properties increasing bone’s susceptibility to stress fractures (Allen et al., 2008; Benhamou, 39 
2007). However, the systemic bone changes caused by anti-resorptive drugs cannot explain 40 
the specific location where AFFs onset takes place. A complementary explanation for AFFs 41 
may reside in the daily mechanical environment of the femoral shaft.  42 
 AFFs resemble stress fractures and pseudo-fractures of the femoral shaft and 43 
occur anywhere from just below the lesser trochanter to the distal femoral metaphysis (Shane 44 
et al., 2013). AFFs are often preceded by prodromal pain with formation of a callus in the 45 
lateral cortex adjacent to the fracture onset, are associated with absence or low trauma, are 46 
not comminuted and are mainly transverse in orientation. Investigations into the effect of 47 
long-term anti-resorptive therapy on the bone mechanical properties showed different and at 48 
times contrasting effects, either promoting or reducing the collagen matrix toughness 49 
(Vashishth, 2009); increasing bone mineralization; leveling the mineral particles shape and 50 
orientation, and narrowing the bone mineralization density distribution (BMDD) (Bala et al., 51 
2012; Boivin et al., 2000; Roschger et al., 2001); and suppressing excessive bone remodeling 52 
causing a bone strength increase (Li et al., 2001) while, at the same time, facilitating 53 
microdamage accumulation (Allen and Burr, 2007). While anti-resorptive therapy may 54 
Martelli et al. 
4 
 
increase bone fragility, creating conditions conducive to development of AFFs, the drug’s 55 
systemic and generalized effect on the femur tissue does not justify the localized and 56 
recurrent AFFs onset in a specific femoral region, that is, the lateral shaft. One possible 57 
explanation is that the femoral shaft is subjected to daily loads that, eventually combined with 58 
altered bone mechanical properties, create the most favorable environment for AFFs in the 59 
lateral region. Two alternative theories have commonly been applied to describe daily 60 
femoral shaft loads (Aamodt et al., 1997). The classic Pauwels’ theory states that the femur is 61 
subjected to a frontal-plane bending moment generated by the gluteals and the tractus 62 
iliotibialis, causing tension on the lateral and compression on the medial femur (Kummer, 63 
1993), whereas Fetto and Austin (1994) theorized that muscular forces lead to a moment-free 64 
loading, causing a uniform compressive state throughout the femoral shaft. Both theories, 65 
however, are based on a simple static unilateral stance activity. The experimental evidence 66 
supporting either theory is limited. The increased risk for AFFs in subjects with tibio-femoral 67 
misalignment (Saita et al., 2012) and pronounced femoral bowing (Sasaki et al., 2012) have 68 
been attributed to an increased femoral bending, causing tension in the lateral femoral shaft. 69 
Aamodt et al. (1997) reported tensile strains directly measured in a single location of the 70 
lateral femoral shaft for two patients. Theoretical investigations reported femoral strain 71 
patterns characterized by combined bending and torsion on a synthetic femur, mimicking 72 
walking (Duda et al., 1998). However, no studies have reported 3D tensile and compressive 73 
strain distributions in the femoral shaft during different daily activities. It possible that typical 74 
strain patterns in the femoral shaft are activity type-dependent and that some of them create a 75 
more favorable condition for AFFs in the lateral cortex. In this study, we focus on typical 76 
strain patterns in the femoral shaft during activities of daily living. 77 
The only viable way to estimate 3D in-vivo femoral strain distributions is through 78 
computational modeling. Musculoskeletal models can be used to calculate muscle and joint 79 
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forces (Delp et al., 2007; Martelli et al., 2011) that serve as boundary conditions of finite-80 
element (FE) models for the calculation of the bone strain distribution (Keyak et al., 1993; 81 
Schileo et al., 2007). A few years ago, the EU-funded project Living Human Digital Library 82 
(LHDL, IST-2004-026932) made publicly available a complete data collection from a healthy 83 
81 year old female donor (www.physiomespace.com), which included the full body 84 
dissection, clinical computed-tomography (CT), magnetic resonance images (MRI), and 85 
experimental measurements of femoral strains. This data were used to generate and validate a 86 
finite-element model of the femur and the musculoskeletal model of the donor's lower-limb, 87 
resulting in a unique consistency of models in either topological or geometrical terms. The 88 
femur finite-element model was shown to predict well experimental measurements of bone 89 
strains taken on the same bone under multi-axial loads (R2 = 0.95) while the musculoskeletal 90 
model yielded calculations of the hip contact force in agreement with corresponding 91 
measurements taken from THR patients between 51 and 76 years of age (Martelli et al., 92 
2014). Therefore, these models can be used to study the typical patterns of physiological 93 
strains in the femoral shaft of elderly women. 94 
The aim of this study was to test the hypothesis that the predicted location of AFF 95 
onset is associated with the patterns of femoral strain during daily activities. Moreover, we 96 
tested the hypothesis that bone strains in the lateral femoral shaft are determined by the hip 97 
abduction moment according to Pauwels' theory. To these aims, we analyzed earlier 98 
simulations of femoral strains obtained using the aforementioned models (Martelli et al., 99 
2014) by focusing on the femoral shaft.   100 
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1. Materials and methods 101 
 Cortical strains in the femoral shaft were studied by combining experimental motion 102 
data and models of femoral elasticity and forces (Figure 1). Models and simulations were 103 
developed and run during an earlier study where further details can be found (Martelli et al., 104 
2014). In the present study, tensile and compressive strains in the femoral shaft were 105 
collected and analyzed; motion data and models are described below with the sole intent of 106 
providing the reader with a clear context for analysis. Models comprised a musculoskeletal 107 
model of the lower limb and a femur finite-element model from a single donor to ensure that 108 
no bias in the results was made by the topological and geometrical differences between the 109 
two models.   110 
2.1 Physical activities 111 
 The body-matched volunteer (female, 25 years old) was selected by measuring 112 
anthropometry and body weight to match that of the donor's (Table 1). Body height and 113 
weight were measured using a commercial meter and scale. The pelvis width was assumed 114 
the distance between the right and left anterior superior iliac spine (ASIS), the femoral length 115 
was assumed the distance between the ASIS and the lateral femoral epicondyle (LE), and the 116 
shank length was assumed the distance between LE and the lateral tibial malleolus (LM). 117 
Individual measurements were taken thrice, and then, averaged.  118 
The participant was equipped with 51 skin-mounted reflective markers (10 mm. in 119 
diameter) positioned according to the protocol proposed by Leardini et al. (2007).  Motion 120 
data comprised the marker trajectories and the ground reaction force (GRF) collected during 121 
five repetitions of stair ascent (32 cm. high, 54 cm. step depth), stair descent, rising from and 122 
lowering into a chair (42.5 cm. high), step up (17 cm. high), and squatting and walking at a 123 
self-selected speed (1.2 m·s-1). Marker trajectories were collected using an eight-camera 124 
motion system (Vicon Motion Capture, Oxford UK), using a sampling rate of 100 Hz. GRF 125 
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data were recorded using two force platforms (Kistler Instrument AG, Switzerland), using a 126 
sampling rate of 2000 Hz. Ground reaction force patterns displayed consistency with 127 
corresponding normality patterns (Bergmann et al., 2001; Stacoff et al., 2005) (Supplemental 128 
figure 1). 129 
2.2 Musculoskeletal model 130 
 The donor’s lower-limb musculoskeletal model was used to calculate the muscle and 131 
joint reaction forces acting on the femur during the investigated activities. All simulations 132 
were performed using an open-source musculoskeletal modeling environment called 133 
OpenSim (Delp et al., 2007). The body was modeled as a 13-segment, 15 degree-of-freedom 134 
(DOF) articulated system, actuated by 84 muscle-tendon units. The skeletal anatomy was 135 
extracted from the donor’s full-body CT scan. Inertial properties of each segment were 136 
derived from the CT images, assuming homogeneous density properties for both the hard 137 
(1.42 g/cm3) and soft (1.03 g/cm3) tissues (Dumas et al., 2005). The lower-limb muscle 138 
system was defined by registering a generic model (Delp et al., 1990) on the donor’s anatomy 139 
using anatomy texts (Clemente, 1985) and dissection data (Valente et al., 2012) as references. 140 
The muscles’ peak isometric force was calculated using the physiological cross-sectional 141 
areas extracted from the MRI images and a specific muscle tension of 1 MPa (Glitsch and 142 
Baumann, 1997). The position of the virtual markers reported by Leardini et al. (2007) was 143 
identified in the musculoskeletal model using the donor’s skin surface extracted from the CT 144 
images. No scaling of the musculoskeletal model was necessary to adjust the model to the 145 
body-matched anatomy of the volunteer because the volunteer and the donor were body-146 
matched, resulting in similar intra-segmental lengths at the pelvis, thigh, and shank, and had 147 
similar body weight and height (Table 1). 148 
The joint angle trajectories were calculated by minimizing the instantaneous sum of 149 
the squared distances between the volunteer’s skin-mounted markers and the virtual markers 150 
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in the model. The net joint moments were calculated using inverse dynamics from the joint 151 
angle trajectories and the measured GRF. A static optimization problem was solved to 152 
decompose the net joint moments amongst the muscles by minimizing the weighted squared 153 
sum of muscle activations (Heintz and Gutierrez-Farewik, 2007). The hip contact force was 154 
calculated by solving for the static equilibrium at the femur.  155 
The model yielded joint angles, moments, and muscle firing patterns in agreement 156 
with normality patterns published for normal walking and hip reaction forces and in 157 
agreement with the envelope of corresponding measurements taken from THR patients 158 
between 51 and 76 years of age (Bergmann et al., 2001), during walking, stair ascent, stair 159 
descent, and rising from and sitting on a chair (Supplemental figures 2 and 3). 160 
2.3 Finite-element model 161 
 The bone geometry was segmented from the CT images (pixel size: 0.5 mm) using 162 
medical image processing software (Amira©, Visage Imaging GmbH, USA). Bone tissue was 163 
modeled using 10-node tetrahedral elements of a mean element length of 2 mm. The bone 164 
apparent density distribution was extracted from the CT images by calibrating the image grey 165 
levels (Schileo et al., 2007). The femur was classified osteoporotic (T-score =-2.5) by 166 
extracting the femoral neck T-score from the CT images (Kröger et al., 1999). The Young’s 167 
modulus distribution was calculated from the bone apparent density distribution using the 168 
relationship found by Morgan et al. (2003). A Poisson’s ratio of 0.3 was assumed (Schileo et 169 
al., 2007). The mesh element’s isotropic Young’s modulus was calculated by integrating the 170 
image’s voxel-based Young modulus over the mesh elements volume using Bonemat© (Super 171 
Computing Solutions, Italy). The model was kinematically fully constrained at the femoral 172 
epicondyles. Correlation between calculated and measured principal tensile and compressive 173 
strain was R2 = 0.95, the Root Mean Square Error was 12.5% and the slope of the linear 174 
regression equation was 1.15 (Martelli et al., 2014). 175 
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Femoral shaft strains during different physical activities were calculated by applying 176 
the muscle and hip joint reaction forces to the femur finite-element model using an in-house 177 
Matlab (The MathWorks Inc., USA) routine. The topological and geometrical consistency 178 
between the musculoskeletal model and the femur model ensured that the equilibrium of 179 
forces was not disturbed. The local coordinate system of the right femur finite-element model 180 
and those of the pelvis, right femur, and right tibia in the musculoskeletal model were defined 181 
according to the International Society of Biomechanics (ISB) standards (Wu et al., 2002) and 182 
tracked during every studied activity. The muscle attachment and via points in the pelvic and 183 
tibial segments were read into the femur coordinate system. The muscle force unit vector was 184 
calculated using the femoral attachment point and its closest neighborhood along the muscle 185 
line of action. The muscle force vector was calculated by multiplying the muscle unit vector 186 
and the available force magnitude and applied to the femoral mesh closest node to the muscle 187 
attachment point in the musculoskeletal model. The hip joint was assumed frictionless. The 188 
hip load was applied on the femoral head surface, on the closest node to the hip force 189 
direction passing through the hip centre (Supplemental figures 4). Simulations were 190 
performed in Abaqus© (Dassault Systemes, USA) using the available direct solver. Fifteen 191 
time intervals uniformly distributed within the stance phase of each activity were simulated, 192 
resulting in a total of 90 linear-elastic simulations.  193 
Principal tensile and compressive strain field were evaluated at four transversal 194 
section uniformly distributed between the subcapital region and the distal diaphysis (level A, 195 
B, C, and D). On each section, strain values were collected on the bone surface at 45q 196 
intervals, assuming 0q on the anterior femur and positive medial rotations. All the strain 197 
measurements were obtained by averaging the nodal strain results within 4 mm distance from 198 
the location being assessed. Continuous strain patterns were interpolated. The strain levels 199 
reached during the different activities were compared by calculating the principal tensile and 200 
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compressive strains along the frontal, posterior, medial, and lateral femoral shaft. Ten 201 
uniformly distributed locations between the subcapital region and the distal epiphysis were 202 
evaluated for each femoral aspect. For each of the ten locations and the four femoral aspects, 203 
principal tensile and compressive strain were averaged over the stance phase of each activity. 204 
Linear regression analysis was conducted to expose dependencies between cortical strain in 205 
the lateral femoral shaft and moments acting on the femur to test Pauwels’ theory during 206 
different activities. 207 
2. Results 208 
The lateral aspect of the femur was subjected to tensile strains during all the 209 
investigated activities. Figure 2 shows the association between typical locations for AFFs as 210 
reported by Saleh et al. (2012) and tensile strains in the femoral shaft while walking. Both 211 
strain intensity and orientation in the transverse plane was activity-dependent, with walking 212 
showing the highest average tensile strains in correspondence with the location of onset of 213 
commonly observed AFFs.  214 
The lateral femoral shaft (270q-300q in the transverse plane) was subjected to peak 215 
tensile loads during most of the walking stance phase, whereas the peak tensile strain was 216 
slightly rotated anteriorly during stair descent (270q-330q). The neutral plane was mainly 217 
sagittal, and the peak compressive strain was mainly located in the medial femoral shaft (0q-218 
180q in the transversal plane). The anterior femoral shaft (315q-45q degrees in the transverse 219 
plane) was subjected to peak tensile loads during most of the chair up-and-down, squatting, 220 
stair ascent, and step-up stance phases. The neutral plane was mainly coronal, and the peak 221 
compressive strain was mainly located in the posterior femoral shaft (0q-180q in the 222 
transversal plane). The strain field in the transverse plane rotated from maximal tension in the 223 
proximal-lateral shaft to maximal tension in the distal-anterior shaft during the mid-stance 224 
phase of stair ascent indicating torsion. Figure 3 and 4 represent tensile and compressive 225 
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strain paths on transversal shaft sections during walking and stair ascent, which showed 226 
extreme strain field orientations. Strain patterns for stepping up, rising from and sitting on a 227 
chair, squatting, and stair descent are reported in the Supplementary Material. 228 
The strain levels varied between activities. In the lateral femoral shaft, the average 229 
tensile strain during the stance phase of each activity varied from 327 PH while squatting to 230 
2004 PH while walking, and from 245 PH while squatting to 2337 PH during stair rising in the 231 
anterior femoral shaft. In the medial femoral shaft, the average compressive strain varied 232 
from -369 PH during stair ascent to -1942 PH while walking, while it varied from -305 PH 233 
while squatting to -2560 PH during stair ascent in the posterior femoral shaft (Figure 5).  234 
Tensile strain in the proximal-lateral femoral shaft (level A) was correlated with the 235 
hip abduction moment; the coefficient of determination was R2 = 0.94 (p-value < 0.0001) 236 
during walking and R2 = 0.96 (p-value < 0.0001) during stair ascent (Figure 6). In the distal-237 
lateral femoral shaft (level D), the coefficient of determination was R2 = 0.50 while walking 238 
and R2 = 0.09 during stair ascent. No correlation was found between tensile strain and the hip 239 
abduction moment during the remaining activities. The multi-parametric linear regression 240 
analysis using the hip, knee, ankle moment and the ground reaction force intensity as 241 
predictors of tensile strains in the lateral femoral shaft during all the studied activities showed 242 
a moderately strong correlation in the proximal (R2 = 0.60, p-value < 0.0001) and in the distal 243 
femoral shaft (R2 = 0.46, p-value < 0.0001). 244 
 245 
3. Discussion 246 
 Atypical femoral fractures (AFFs) are typically transverse stress fractures arising in 247 
the lateral femoral shaft (Shane et al., 2013). While AFFs have been associated with 248 
increased bone fragility and long-term anti-resorptive therapy (Shane et al., 2013), it is 249 
largely unknown why these fractures propagate from the lateral femoral shaft. We tested the 250 
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hypothesis that the location of AFFs onset is associated with physiological strain distribution 251 
during daily activities and that the tensile loads in the lateral femoral shaft are to be attributed 252 
to the hip abduction moment. We compared calculated femoral tensile strain distribution 253 
during walking, stair ascent, stair descent, standing from and sitting on a chair, step up, and 254 
squatting with common locations of AFFs onset.  255 
The lateral femoral shaft is subjected to tensile strains during a variety of physical activities 256 
and walking induces the highest tensile strain levels. The hip abduction moment well predicts 257 
tensile strains in the lateral femoral shaft during walking and stair ascent, but not during a 258 
generic activity. The lateral aspect of the femoral shaft was loaded in tension during every 259 
studied activity. Therefore, the combination of tensile loads, to which bone is most 260 
susceptible (Bayraktar et al., 2004), and increased bone fragility that may be associated with 261 
long-term anti-resorptive therapy (Shane et al., 2013) may be an important co-factor in 262 
creating a favorable environment for AFFs. Tensile strain magnitudes and orientation in the 263 
transverse plane were activity-dependent, with walking inducing most of the tension in the 264 
lateral femoral shaft, whereas chair up-and-down, squatting, stair ascent, and step-up induced 265 
tension in the anterior femoral shaft. Walking is likely the most critical activity in individuals 266 
susceptible to AFFs, inducing high tensile strain in the lateral femoral shaft, most frequently 267 
during normal living. A reduced walking speed may help reduce tensile strains in the lateral 268 
femoral shaft by causing a reduction of the muscle work (Neptune et al., 2008) and of the 269 
ground reaction force (Nilsson and Thorstensson, 1989).  270 
The hip abduction moment was strongly correlated with tensile strains in the proximo-271 
lateral femoral shaft (levels A and B) during walking and stair ascent (Figure 6), in agreement 272 
with the classical Pauwels’ theory (Kummer, 1993). However, we found no correlation 273 
between tensile strains in the lateral femoral shaft and the hip abduction moment during a 274 
generic activity (figure 6), whereas the multi-parametric linear regression showed that 275 
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multiple kinetic variables (i.e., the hip, knee, and ankle moments and the ground reaction 276 
force intensity) are predictors of tensile strains in the proximo-lateral (R2 = 0.6) and the 277 
distal-lateral (R2 = 0.46). This means that46-60% of the tensile strain variance in the lateral 278 
femoral shaft can be explained by the whole body dynamics, whereas the unexplained part 279 
(i.e. 40-54% of the strain variance) is likely to be attributed to other factors, such as 280 
musculoskeletal architecture and muscle recruitment strategy, influencing the process of 281 
decomposing the joint moments into muscle and joint forces. A deeper understanding of 282 
relationship between the body dynamics and femoral strain patterns would expose the 283 
mechanisms driving fractures, including low-energy stress fractures like AFFs. 284 
Our results are consistent with earlier studies of bone strains (Aamodt et al., 1997; 285 
Biewener, 1990; Duda et al., 1998). Strain measurements (Aamodt et al., 1997) from a single 286 
location in the lateral-proximal femoral shaft for two “snapping hip syndrome” patients 287 
showed dominant tensile conditions during walking, stair ascent and one legged stance in 288 
agreement with present findings. The calculated strain range (0-4667 PH) is consistent with 289 
the bone strain levels reported for mammalian bones during daily activities (25-50% of the 290 
yield strain) (Biewener, 1990). Earlier computational simulations of a synthetic femur (Duda 291 
et al., 1998) yielded up to 2000 PH during walking, in good agreement with our results 292 
obtained for the initial two-third of the walking stance whereas our calculations of tensile 293 
strains during early heel rise were higher (4667 PH). This discrepancy is likely caused by the 294 
single circumstance where the ground reaction force recorded from the volunteer (1.33BW) 295 
overestimated by a30% corresponding normality patterns (Bergmann et al., 2001; Stacoff et 296 
al., 2005) (Supplemental figure 1). For the remaining walking phases and activities, kinetic 297 
variables and hip forces were in good agreement with corresponding measurements taken 298 
from THR patients between 51 and 76 years of age (Bergmann et al., 2001; Stacoff et al., 299 
2005) (Supplements figure 3) providing good confidence on the present results. 300 
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Our study has some limitations. First, muscle and joint forces from a young volunteer 301 
may differ from those present in older adults. However, this appears not to be true for the 302 
motion data used in the present study because the calculated hip-joint reaction force, which 303 
includes the contributions of all the hip-spanning muscles, was consistent with published 304 
measurements (Bergmann et al. 2001) in older adults. This observation is consistent with the 305 
work of Lim et al. (2012) that showed no significant differences in lower-limb muscle forces 306 
when younger and older adults walk at the same speed. Second, results were generated using 307 
one anatomical dataset. It is possible that the inclusion of additional subjects may lead to 308 
different levels of bone strain in the femoral shaft. Further population-based studies are 309 
necessary to investigate how individual anatomical parameters, bone quality, and motion 310 
patterns affect the calculated strain patterns. Multi-scale computational modeling combining 311 
musculoskeletal and finite-element models are well suited to provide such important 312 
information. Third, the untreated osteoporotic donor’s femur did not account for the 313 
contrasting 9.6% BMD increase after 3 years (Boivin et al., 2000) and 12% young modulus 314 
decrease after 6-10 years (Bala et al., 2012) of anti-resorptive therapy. Therefore, conclusions 315 
of the present study are directly relevant to persons who do not use anti-resorptive therapy. In 316 
the author's opinion, however, the validity of our study lies in the fact that it provides new 317 
insights into our understanding of the typical patterns of femoral loads applied to common 318 
sites of origin of AFFs and of the mechanical environment associated with AFF onset, i.e., 319 
tensile strain, and its changes during daily activities. Last, the association between tensile 320 
loads and AFF onset location shown here does not imply a cause-effect relationship between 321 
tensile strain and the pathogenesis of AFFs. Present results can provide a new base for 322 
designing new experiments investigating the mechanism of AFFs. 323 
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4. Conclusion 324 
AFFs are associated with tensile strain conditions during each daily activity, with 325 
walking causing the highest tensile strain in the lateral femur. Therefore, tensile conditions 326 
are the most likely mechanical environment contributing to AFF onset. The hip abduction 327 
moment is the major determinant of tensile strain in the proximal-lateral femoral shaft during 328 
walking and stair ascent. However, this is not valid for a generic activity for which a more 329 
complex interaction between dynamic parameters, muscle architecture and recruitment 330 
strategy determines the tensile strain in the lateral femoral shaft.  331 
 332 
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  467 
Parameter Participant 
(female, 25 years old) 
Donor 
(female, 81 years old) 
High (cm) 165 167 
Weight (kg) 57 63 
Pelvis width (cm) 241 24.4 
Femoral length (cm) 44.4 45.2 
Shank length (cm) 39.4 42.9 
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FIGURE CAPTIONS 468 
Figure 1 – The modeling procedure: the body musculoskeletal and the femur finite-element 469 
models (a), the motion data (b) and an intermediate frame of simulated stair ascent (c).  470 
Figure 2 – Comparison of the tensile strain pattern during an intermediate frame of walking 471 
(left) with typical AFFs onset locations arrowed in an X-ray view (right) courtesy of Saleh 472 
et al. (Saleh et al., 2012). The FE map is mirrored to facilitate comparison of the right 473 
femur model with the left femur represented in the X-ray. 474 
Figure 3 – Cortical tensile and compressive strain patterns in four transversal section of the 475 
femoral shaft at five time intervals during the stance phase of walking. 476 
Figure 4 - Cortical tensile (red) and compressive (blue) strain patterns in four transversal 477 
section of the femoral shaft at five time intervals during the stance phase of stair ascent. 478 
Figure 5 – Average tensile (red) and compressive (blue) strain levels during the stance phase 479 
of each studied activity along the frontal, posterior, medial and lateral femoral shaft. 480 
Figure 6 – Linear regression analysis between tensile strains in the lateral femoral shaft and 481 
the hip adduction moment during the six studied activities. 482 
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Supplemental figure 1 – The ground reaction forces at the right foot recorded during the 503
selected trial of the six studied activities (solid black line). Grey bands represent the available 504
normality patterns (Bergmann et al., 2001; Stacoff et al., 2005) 505
 506
  507
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Supplemental figure 2 – Comparison of the calculated joint kinematics (a) and joint net 508
moments (b) with the corresponding normality patterns reported by Kadaba et al. (1989) and 509
comparison of the calculated active phase for the principal lower-limb muscles (solid red) 510
with expected phases of muscles electrical activity reported by Inman et al. (1989). 511
 512
  513
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Supplemental figure 3 –Calculated hip forces (red dots) and the envelope (blue band) of 514
published hip force measurements (Bergmann et al., 2011; www.orthoload.com). Forces are 515
expressed in body-weight (BW).  516
 517
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Supplemental Figure 8 – Free body diagram of the femur representing the muscle force 519
orientations (black arrows), muscle attachment points (red dots), the femoral coordinate 520
system calculated according to the ISB standards (Wu et al., 2002) and the anatomical 521
landmarks (femur epicondyles and center of the femoral head) used to calculate the femoral 522
coordinate system (blue dots). 523
  524
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Supplemental Figure 4 - Cortical tensile (red) and compressive (blue) strain patterns in four 525




Martelli et al. 
33 
 
 Supplemental Figure 5 - Cortical tensile (red) and compressive (blue) strain patterns in four 530
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 Supplemental Figure 6 - Cortical tensile (red) and compressive (blue) strain patterns in four 535
transversal section of the femoral shaft at five time intervals during step up. 536
 537
  538
Martelli et al. 
35 
 
Supplemental Figure 7 - Cortical tensile (red) and compressive (blue) strain patterns in four 539
transversal section of the femoral shaft at five time intervals during squatting.  540
 541
 542
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